Improved knowledge of the electrode-tissue impedance will be useful in optimizing the clinical protocols and resulting e�cacy of the existing and emerging approaches to spinal cord stimulation. Toward that end, the complex impedance (amplitude and phase) of in vivo ovine spinal cord tissue was measured at the electrode-pial subdural surface interface from 5 Hz to 1 MHz, and with the bi-polar electrodes oriented both parallel and perpendicular to the rostralcaudal axis of the spinal cord. At stimulation frequencies above 10 kHz, most of the impedance then becomes resistive in nature and the phase diference between the stimulation signal and the resulting current drops to ≈ 10˚, thus maximizing power transfer to the tissues. Also, at these higher frequencies, the current pulse maintains significantly greater fidelity to the shape of the stimulation signal applied across the electrodes. Lastly, there were lower impedances associated with parallel as opposed to perpendicular orientation of the electrodes, thus reflecting the efects of fiber orientation within the spinal cord. Impedance diferences of this kind have not been reported with epidural stimulation because of the electrical shunting efects of the intervening layer of relatively high conductivity cerebrospinal fluid. �ese observations provide a quantitative basis for improved models of spinal cord stimulation and suggest certain advantages for direct intradural stimulation relative to the standard epidural approaches.
Introduction
One of the primary factors limiting the clinical e�cacy of epidural spinal cord stimulation (SCS) is the presence of the relatively high electrical conductivity cerebrospinal fluid (CSF), σ ≈ 1.7 (Ω•m) -1 , which fills the space between the underside of the dura and the pial surface of the spinal cord. Because the current densities produced by the stimulator's electrodes are largely shunted through the CSF, only a thin surface layer of axons (approximately 250 μm deep from the dorsal pial surface of the spinal cord) can typically be activated [1] . Moreover, the therapeutic window is very small: increasing the strength of the stimulation signals in order to excite axons deeper within the spinal cord results in painful spillover excitation of non-targeted structures such as the dorsal nerve rootlets. In response to these limitations, many substantial eforts have been undertaken for purposes of modeling the stimulation process, optimizing the designs of the implanted leads, and synthesizing improved excitation montages, as discussed in the reviews of Bradley [2] , North [3] and Levy [4] . See also the early papers of Holsheimer and colleagues, for example [5, 6, 7, 8, 9, 10, 11] , who developed many of the computational tools needed for that work.
More recently, several investigators have begun exploring neurophysiological efects associated with high frequency (> 1 kHz) stimulation [12, 13, 14] . Initial clinical trials of epidural stimulation at frequencies up to 10 kHz have demonstrated patient preference for this mode of stimulation in the short term [15] , along with improved long term outcomes [16, 17, 18] relative to the low frequency norms in which the therapy ultimately fails in up to half of all patients, e.g. [19] . Eforts are now underway to help elucidate the mechanisms of therapeutic action for high frequency stimulation efects [20] , in concert with suggestions for further improvement in clinical strategies [21] .
�ese important advances notwithstanding, a number of fundamental issues associated with epidural placement of the leads and the shunting efects of the CSF remain unresolved, including lead migration, stimulator power consumption, and selectivity and depth of coverage within the neural tissues. In fact, it was with these limitations in mind that we suggested the possibility of direct stimulation of the pial surface of the spinal cord [22, 23, 24] , began developing the technologies needed to enable it [25, 26] , and carried out preliminary tests of this approach (termed the "I-Patch") in a large animal model [27, 28] . Part of the rationale for this intradural design is that when targeting spinal cord structures, direct stimulation using stimuli of any frequency should be able to achieve therapeutic neural activation at much lower power levels by circumventing the CSF shunting efects. Moreover, the question was open as to whether the stimulus pattern produced by a high frequency pulse train delivered epidurally would degrade in fidelity after passing through the intervening CSF as opposed to a signal applied directly to the spinal cord.
In order to investigate these points and then optimize the design of an intradural direct SCS system, knowledge of the frequency-dependent impedance at the interface between the electrode and the pial surface is needed. While measurements of that type have been made for deep brain stimulators [29] , only limited types of data have been taken for spinal cord at or near the electrode-epidural tissue interface [30, 31] . �erefore, we designed an experiment using our ovine model of intradural stimulation [28, 29] in which we place a pair of electrodes directly on the pial surface of the spinal cord of adult sheep, with the intent here to record the applied voltage and resulting current waveforms as a function of frequency. �is would then allow us to determine the frequency-dependent impedance and phase at that interface and extract the resistive and reactive components of impedance. By aligning the electrode pair along the rostralcaudal axis of the spinal cord and then perpendicular to it, we would also be able to investigate how axonal fiber orientation within the spinal cord afects those quantities. In what follows, we describe the details of the experimental protocol, present the results of the measurements, and then discuss their meaning and impact within the context of both epidural and intradural direct spinal cord stimulation.
Methods
�is investigation was part of an overall study on the potential e�cacy of SCS on ovine models of spinal cord injury and neuropathic pain, approved by the Institutional Animal Care and Use
Committee (IACUC) of the University of Iowa (U.I.) under IACUC Approval No. 1308149. �e
intradural stimulation experiments described below were carried out on three of the adult sheep (≈ 70 kg weight) in that study, during the terminal surgical procedure for each animal. �e methods for induction and maintenance of anesthesia for the surgeries, and then for euthanasia following the stimulation experiments, were as used in our previous trials of ovine intradural SCS and are described in detail elsewhere [27, 32] .
Surgical procedure
�e neurosurgical steps consisted of exposure of the spinal column at the mid-thoracic level, followed by laminectomy and durotomy. After the thecal sac was opened, a micropositioner was used under neuroendoscopic guidance to position a pair of hemispherical electrodes onto the dorsal pial surface of the spinal cord. �e electrodes were 1.0 mm in diameter, the center-tocenter distance between them was 2.0 mm, and the depth of indentation into the spinal cord insertion was ≈ 0.2 mm. Stimulation measurements were made with the alignment of the electrodes along the rostral-caudal axis of the spinal cord (i.e., in the "parallel" position), and at 90˚ with respect to that axis (i.e., in the "perpendicular" position). A close-up photo of the electrodes on the distal tip of the probe is shown in figure 1 (a) and its location on the exposed spinal cord is shown in figure 1(b) . 
Stimulation protocol
�e essence of the experiments was to capture the waveform of an AC stimulation signal, V, applied across the electrodes, while simultaneously capturing the waveform of the resulting current, I, flowing through the electrode-tissue-electrode loop. By measuring current as a function of the frequency of the stimulation signal, we could then resolve the resistive and reactive components of the electrode-tissue impedance over the entire range of frequencies of interest for clinical spinal cord stimulation and beyond. For this purpose, we made our measurements in a 1-2-5 logarithmic sequence of stimulation frequencies over the nominal range from 1 Hz to 1 MHz, using both sine and square waves at several intensities between 50 mV and 5 V peak-to-peak. �e study consisted of two arms: the in vivo stimulation experiments, and a series of in vitro system characterization experiments. �e latter were done to establish the baseline performance of the measurement system, to evaluate the efects of noise in the data, and to confirm front-to-back calibration and linearity of the instrumentation chain. A summary of the measurements made in both arms of the study is shown in 
System performance tests, noise measurements and in vitro studies
Assessment and confirmation of the measurement system's technical performance was obtained using artificial loads to simulate the in vivo impedance. �e two primary tests of this type were Prior to starting the in vivo experiments, the full measurement system including the bipolar electrode probe was tested using saline gel as a surrogate for spinal cord tissue. For preparation, 0.45 g NaCl was mixed into 495.5 ml of distilled water to make 0.9% normal saline solution, which was then boiled with 8 g of commercial-grade gelatin powder and subsequently refrigerated until the gel set. �is phantom material resembled the gel-based [33] and polymeric [34] spinal cord surrogates we have developed in the past for other purposes, but with the saline allowing it to approximate physiological conductivities. �e distal tip of the bipolar electrode probe was then lowered onto the surface of the gel and measurements were made using sinusoidal stimulation signals at amplitudes of 1, 2 and 5 V across the previously mentioned range of frequencies, with RS = 100 Ω. �e results, presented in Section 3 below, verified the overall experimental approach, and provided a calibration for the measurements, in that the saline used for the phantom had well-established ionic properties and yielded stable, repeatable values of impedance.
In vivo Data processing
�e *.CSV files exported from the oscilloscope were archived and then the data were imported into Mathematica (Version 10, Wolfram Inc.) for processing and analysis using custom-built routines. �e current flowing through the electrode-tissue-electrode loop was computed from the measured voltage drop across the nominal value of the shunt resistor used in a particular data series. �e exact frequency for each sinusoidal run was determined by computing a discrete
Fourier transform of the measured trace and identifying the position of the first major peak. �is yielded frequencies within less than 1% of the nominal value to which the waveform generator was set in all cases. �e phase of the same peak was used to compute the phase diference, φ, between the current and voltage signals. �e amplitude ratios, and hence the impedances, were determined from the respective peak heights.
Results

Technical performance tests
�e results from the technical performance evaluations of the measurement system using a simple parallel RC network as an artificial load are shown in figure 3 and confirm satisfactory operation of the system. �e shunt resistor voltage increases as a function of stimulation frequency reflecting the high-pass filtering nature of the circuit. �e estimated shunt voltage as derived from the elementary circuit model (mentioned above) using the nominal values of the components is also shown in figure 3 and closely mirrors the experimental performance, as expected. 
In vitro studies
�e results of the impedance vs. stimulation frequency measurements using the saline gelatin as �ese findings approximate the corresponding features of the in vivo results presented below, thus demonstrating the utility of fixed-concentration saline gel as a robust and readily available phantom for system calibrations and preliminary tests. Moreover, because the gelatin is a homogeneous and isotropic material, the stimulation results are independent of the placement and alignment of the electrode pair on its surface. It thus serves as a useful baseline for confirming any directionality efects in spinal cord stimulations that might arise due to the axial orientation of the nerve fibers.
In vivo studies
Pilot Figures 9 and 10 show a particular example of these data in the form of the resistance and reactance (i.e., the real and imaginary parts of the complex impedance), respectively. �e reactance, and with it the absolute value of the impedance, decreases steadily in magnitude as the frequency increases. However, there is a marked diference in behavior between the two orientations at high frequencies: while in the parallel direction, the reactance drops to a very small magnitude (about -10 Ω), it saturates at a significantly larger magnitude (-150 Ω) in the perpendicular case. �is means that the tissue characteristics retain more of a capacitive nature at high frequencies if the electric field is applied perpendicular to the spinal cord axis. and 800 Ω at 10 kHz, and hence the average powers are 310 µW and 155 µW, respectively. At lower stimulation frequencies, e.g., the more clinically standard 100 Hz, the power levels associated with the parallel and perpendicular electrode alignments decrease to 95 µW and 72 µW respectively at the same stimulation amplitudes because the reactive component of the impedance is much higher at that frequency (see figure 9) . However, it is important to note that while clinical stimulation is often performed at 100 Hz, the waveform is very diferent from a sinusoidal signal. In fact, the very short pulses that are employed contain significant Fourier components in the vicinity of 1/pulse width, not only at 1/pulse spacing.
�ere are no known fully equivalent data for the case of epidural SCS, i.e., studies in which complex impedance and phase were measured as a function of frequency of an epidural stimulation signal, and the resulting intraparenchymal power levels derived. At present, that includes our own case, in part because there is virtually no subdural space between the dura mater and the pial surface of the spinal cord in sheep, thus potentially confounding epidural vs.
intradural SCS results. (However, see Section 4.3 below.) Perhaps the closest related studies are those of Alò et al. [30] and Abejon et al. [31] . In the former, a custom-made ohmmeter system was used to measure a mean bipolar impedance of 547 Ω during stimulation with 1 mA pulses between adjacent contacts in an epidural array in patients. �ey framed their discussion of the experimental design in terms of the energy consumption of the implanted pulse generator, appealing to the instantaneous power dissipated by the epidural load, which in their case would thus have been 547 µW. �e latter authors measured the parameters of the perception threshold in SCS patients implanted with epidural leads, and found a mean impedance of 548 Ω associated with a mean stimulation current of 4.3 mA. �ese authors also employed ohmic modeling, in their case to determine therapeutic range of the stimulation process. From their reported parameters, the instantaneous epidural power dissipation would have been ≈ 10 mW.
To the extent that our complex-impedance intradural findings and the available ohmicimpedance epidural findings can be compared, direct intradural stimulation as tested here can operate at high frequencies in an almost fully resistive mode at power levels well below those reported for standard epidural stimulation. �is suggests the possibility of extended battery life in clinical devices using the intradural approach.
Electrode orientation
With direct high frequency stimulation, the orientation of the electrodes relative to the rostralcaudal axis of the spinal cord has a major influence on the impedance. By employing diferent bipolar montages of an intradural stimulation array, it should be possible to exploit these position-dependent impedance diferences in order to produce volumetrically selective patterns of activation that are beyond the capabilities of epidural stimulation at any frequency. We anticipate that this will translate into a substantial diference in the functional and clinical capabilities of direct stimulation as compared with the standard methods. �is diference arises because in epidural stimulation there is a relatively large distance separating the stimulusproducing electrodes and the neural structures targeted in the spinal cord. �at space typically includes epidural fat, the dura mater and, most importantly, a thick layer (3 to 6 mm) [35] of CSF that has a large isotropic ionic conductivity which dominates the impedance. �e CSF difuses the epidurally-delivered stimulus patterns [1] thus limiting the spatial selectivity of activation. While substantial scientific, clinical and technical development programs have led to many improved epidural device designs and stimulation strategies [36, 37, 38] , it is not clear that this fundamental physiological barrier to target selectivity can be definitively circumvented except through intradural placement of the electrode array. �is situation is reflected in even the favorable findings of recent high frequency (10 kHz) epidural stimulation trials [16, 17, 18] , in that the outcomes did not depend strongly on precise placement of the leads, which were implanted so as to generally cover the T8-T11 vertebral levels at the approximate midline.
Waveform fidelity
�e frequency dependence of the impedance as observed here also has consequences in how the tissue responds to rectangular voltage pulses, which are typically used in spinal cord stimulation.
�is is illustrated in figure 10 . �e current response of a unipolar-voltage pulse has been calculated and displayed in figure 10 (a) at diferent frequencies based on the observed impedance. In all cases, the square wave input is distorted by the reactive component of the tissue impedance. However, the distortion is much more pronounced at low frequencies. �e strong reactive nature of the tissue impedance essentially acts as a diferentiator at low frequency, and the square unipolar voltage pulse results in a bipolar pair of current pulses that coincide with the rising and falling flanks of the voltage. At high frequencies, this transient behavior is still somewhat present, but the response is dominated by a unipolar square-current pulse. �is behavior was observed in our in vivo experiments in which square-wave excitation was used. An example is shown in figure 10(b) , where diferentiation and attenuation of the current response pulse at low frequencies is evident upon visual inspection of the waveforms. Others are exploring diferent approaches to the optimization of stimulation waveforms.
Some examples include the genetic algorithm-based method of Wongsarnpigoon and Grill [39] , the least-action principle pulses of Krouchev et al [40] , and the patient-specific waveform synthesis of Yalçinkaya and Erbaş [41] . An important goal of such work is the minimization of pulse energy (thus obtaining extended battery life) while maximizing physiological efectiveness [42] .
Implications for modeling of spinal cord stimulation
In a previous study, we used finite element modeling (FEM) to compare the electrical current distributions and the spatial recruitment profiles produced by direct intradural and epidural stimulation [43] . �e results from that work, as well as those obtained by Howell et al [44] ,
showed that direct intradural stimulation achieved greater selectivity in activating targeted structures within the spinal cord, and that it could do so at significantly lower power levels. �at work employed a three-dimensional volume conductor approximation for the spinal cord tissues and assumed DC excitation of them, per the standard approach as reviewed by Holsheimer [9] .
�e impedance measurements reported here will be helpful in extending models of this kind to the regime of AC stimulation, since they provide a quantitative basis when comparing to predictions of electrodynamic current distributions made as a function of excitation frequency, signal strength, and electrode orientation.
Several other groups are also working towards improved models of the spinal cord stimulation process. �ese include the low-frequency dorsal horn network study of Zhang et al [45] , the hybrid-biophysical computational approach of Capograsso et al [46] , the improved dendritic channel method of Elbasiouny and Mushahwar [47] , and the frequency-dependent interpolation approach of Tracey and Williams [48] . Modeling of these kinds provide very useful insights into the design and behavior of the stimulation electrodes [49] , lead configurations [50, 51, 52, 53] , the synthesis of robust stimulation control algorithms [54] , improved basic knowledge of nerve physiology [55] , and possible mechanisms of action at work in high frequency epidural stimulation [56] .
Ongoing efforts and future work
�ere is at present no spinal cord equivalent of a direct brain stimulation (DBS) system, in that virtually all of the SCS devices now in clinical use are implanted in the epidural space and thus encounter fundamental performance limits dictated by the presence of the intervening layer of CSF. �e approach that we have proposed and are investigating [57] seeks to circumvent this limitation through direct intradural stimulation, and to re-introduce that method [58] as a clinical option employed against intractable neuropathic pain and the spasticity arising from spinal cord injury [59] . �is would represent a significant departure from the status quo, wherein intradural placement of a stimulator lead is either an inadvertent result of attempted epidural placement [60] or, rarely, an intentional means of having the body of the lead serve as a dural substitute [61] . Our in vivo measurements of the frequency-dependent impedance of the spinal cord tissues provide the start of a quantitative basis for exploring direct intradural stimulation strategies, in much same way that similar studies [62] have opened windows onto the performance of DBS systems.
We are pursuing a number of improvements in our approach to these measurements aimed at overcoming existing limitations in them and extending the utility of the findings. �ese include possible measurement of the epidural impedance when the electrodes are placed on the surface of the dura mater. Data of that kind would enable quantitative assessment of how the presence of the CSF layer difuses the stimulation signals, with the expected outcome being essentially no diference in the impedance patterns for parallel and perpendicular placement of the electrodes. However, as noted above, the subdural space in the sheep is almost non-existent.
Hence an epidural placement of the electrodes on the dura mater without having the distal tips of their hemispherical surfaces causing it to make contact with the pia mater would be challenging.
Even so, we are investigating ways to accomplish a purely epidural placement of the electrodes via careful micromanipulation of the probe. �e limiting factor in achieving a stable separation between the dura and pia in that situation will likely be the intrinsic diametric pulsations (≈ 100 μm in amplitude) of the spinal cord associated with the cardiac cycle [63] . An alternative approach to a comparative intradural/epidural measurement would simply be to create a window in the dura, perform direct stimulation, withdraw the electrode probe, fill the cavity with artificial CSF and then stimulate.
We are also developing neurophysiological methods for obtaining single unit recordings from dorsal horn neurons identified as being those most responsive to spinal cord stimulation signals [64] . �e protocols for experiments of that kind now in progress will be expanded to include simultaneous measurement of spinal cord impedance while the single unit recordings are being obtained from targets at diferent depths within the dorsal horn, and with diferent stimulus presentations (eg., frequency sweeps as described in Section 3, burst patterns, diferent waveforms, etc.). Results from a study of this kind would provide very useful validation data for FEM-based attempts at optimizing intradural stimulation patterns in order to maximize therapeutic e�cacy.
Lastly, the ideal experimental arrangement would be one which enabled a chronic study in awake animals during their normal activities, in order to eliminate any potential systematic efects in the data that might arise from the anesthesia. However, that would require an implantable pulse generator system that would be able to record and wirelessly report the stimulation voltage and current signals.
Conclusions
In summary, we have measured the efective tissue impedance of the ovine spinal cord in vivo as it presents itself to a pair of stimulation electrodes placed directly in contact with the pial surface, in orientations both parallel and perpendicular to the rostral-caudal axis. Generally, the impedance is smaller for high frequency components, and becomes more resistive rather than capacitive in nature. �is is to be expected due to the ionic conductance of the tissue, with ion mobility restricted by the tissue structure. As a consequence, low frequency (≈ 100 Hz) stimulation signals result in highly distorted current responses. At high frequencies (≈ 10 kHz and above), the tissue response is mostly resistive and the current waveforms maintain fidelity with those of the source stimulation signals.
